An electrical method to measure extracellular bioelectrical activity in vitro is presented. This method exploits the Helmholtz capacitive double-layer established at the electrode surface. Small extracellular voltage variations in the order of μVs induce through the double-layer capacitor a displacement current that is measured. This current is then enhanced by a gain factor proportional to the electrode capacitance. In addition, when measurements are carried out at low frequencies in current mode the electrode contribution to the noise can be minimized. The performance of the electrodes and the method is demonstrated using zebrafish hearts and glioma cell cultures. We propose that this electrical method is an ideal tool to measure in vitro slow and temporally synchronized events that are often involved in long range intracellular signaling.
Introduction
Microelectrode arrays (MEAs) are substrate-integrated extracellular electrode matrices kept in contact with cells in culture. MEA-based cell electronic interfaces enable the study of neuronal network processes, the evaluation of the effects of drugs and the electrophysiological mechanisms related to pathological conditions [1] . Continuing key improvement of this platform are the spatial resolution and the electrical coupling between the cell and the sensing device [2] [3] [4] [5] [6] . The spatial resolution has been improved by increasing the density and the number of the electrodes. The signal-to-noise ratio (SNR) has been enhanced by minimizing the impedance of the sensing electrode through the use of suitable materials, such as conducting polymers [7] [8] [9] [10] [11] [12] .
Voltage sensing readout followed by voltage amplifiers with appropriate filters to select particular events is frequently used to measure cell activity, particularly action potentials generated by neurons [13, 14] in the kHz range. Here, we propose and demonstrate a methodology to measure weak and low-frequency biological signals using extracellular electrodes. Our results show that it is advantageous to measure the cell signals in current mode using a trans-impedance amplifier and sensing electrodes with high capacitance and relatively high resistance. This methodology is not suitable for measuring signals in the kHz range. At these frequencies the high electrode capacitance acts as a low-pass filter, which degrades the trans-impedance amplifier frequency response. However, for low frequencies (f b 10 Hz), it is possible to benefit from the high-performing characteristics of current amplifiers. Furthermore, this method takes advantage of the high capacitance region, viz. Debye-Helmholtz layer, established at the electrode/electrolyte interface, to improve the signal-to-noise ratio (SNR).
The proposed measuring methodology makes use of large area electrodes and therefore, is particularly suitable for recording low frequency cooperative cell activity. There are a number of cooperative low-frequency cell signals that have an important role in brain activity, including spatial exploration and memory. Changes in low-frequency neuronal oscillations have been associated with brain disorders such as schizophrenia or epilepsy [15, 16] . New tools able to record these cooperative low frequency signals are essential for understanding their role in brain function.
Sensing and Bio-Sensing Research 10 (2016) [1] [2] [3] [4] [5] [6] [7] [8] The understanding of extracellular measurements in current mode requires the knowledge of three aspects; (i) the role of the electrode design and impedance in shaping the native cell signal, (ii) the relationship between the voltage and current signal shapes and, (iii) how electrode impedance contributes to the SNR. These aspects will be addressed in this article.
The paper is structured as follows: in Section 2 we first present the basic measurement system. Section 2.1 introduces the equivalent circuit model that describes the displacement current and how the voltage signal is related with the shape of the signal when measured in current. We evaluate how the electrode impedance affects the signal shape and adds noise to the measurement setup. In Section 3.1 the proposed current measurement methodology is validated using zebrafish heart demonstrating state-of-the-art transduction results. In Section 3.2 it is shown that this methodology combined with the use of relative large area electrodes is adequate to probe glioma cell cultures that engage into cooperative activity. Therefore the method provides a tool to study a variety of low-frequency biological signals, which remain yet to be explored using in vitro experiments.
Material and methods

Measurement set-up and cells
This section presents the measurement set-up. The sensing electrodes used consist of two co-planar, parallel conductors on the upper surface of an insulating substrate. Gold electrodes were deposited by thermal evaporation on glass substrates. The electrode shapes and dimensions used are outlined in Table 1 . Two different designs were used, finger type and round electrodes as shown in Fig. 1 . Finger type electrodes were used to measure glioma cells and the round electrodes were used to measure zebrafish hearts. Fig. 1(c) shows a photograph of a zebrafish heart and The patterned electrodes were fitted at the bottom of a standard Petri dish (SARSTEDT®) and loosely covered with a lid to prevent evaporation of the medium. After filling the compartment with the cell suspension the system was placed in an incubator (HERACell®150).
All electrical measurements were performed with a Stanford lownoise current amplifier (SRS 570), or alternatively in voltage mode using the voltage amplifier (SRS 560), connected to a dynamic signal analyser (Agilent 35670A). The low noise pre-amplifiers operated with internal batteries. Small-signal-impedance measurements were carried out by a Fluke PM 6306 impedance meter. All electrical measurements were carried out inside of a thick iron based Faraday cage to shield low frequency interferences and the entire system is mechanically decoupled from external vibrations.
To validate our approach, small zebrafish hearts with were used. The hearts from adult fish were chirurgical extracted and placed in Krebs' solution. These hearts can beat for as long as one day. They are perfectly suitable to use as bioelectronic signal generators to demonstrate the proposed signal detection methodology. The heart has a size of about 1 mm and beats at a rate of about two times per second. The zebrafish cardiac system is one of the most well-known systems often used in cardiac research [17] [18] [19] 
Circuit model and noise analysis
The sensor comprises two parallel electrodes of depth D and length W, separated by a gap distance L (see Table 1 ). One of the electrodes acts as measuring electrode and the other as counter-electrode. The electrodes are connected to a trans-impedance amplifier or alternatively to a voltage amplifier. The impedance of these electrodes has an important role in the system performance, since it determines not only the electrical coupling of the extracellular signal to the sensing electrode but also the electrode contribution to noise.
The interface between cells and microelectrodes in vitro has been described using an electrical equivalent circuit. Both point/area contact circuit models, that assume a tight seal between the cell and the electrode and circuit models that consider the detection of the electrical activity of cells that are not in tight contact with the electrode, have been considered [20] [21] [22] [23] [24] [25] [26] [27] . These circuit models are helpful to interpret how charge fluctuations generated by a cell are coupled into the sensing electrode and how they are measured either as voltage or as current signal. Charges passing through the channel pores at the cell membrane create regions of charge excess/depletion giving rise to potentials that can be detected at different points. A simplified point/area circuit model based is shown in Fig. 2 . R D and C D are the resistance and capacitance, respectively, of a simplified model of the electric double-layer that forms at the electrode-electrolyte interface. This circuit is a reduction of the more complex model, consisting of a constant-phase-angle impedance and charge-transfer resistance. For the sake of simplicity these elements are not included in the model of Fig. 2 . Without cells, when we look across the two electrodes the high impedance double layers appears effectively in series with the low impedance electrolyte layer described by a resistance R S and a capacitance C S . When cells are in contact with the measuring electrode, the signal loss between cell and the measuring electrode is modeled by the resistance R C . It is important that R C ≪ Rs, this ensures that the extracellular signal is essentially coupled into the measuring electrode.
The electrolyte impedance in series with the counter electrode double-layer impedance represents what is called the seal impedance Z Seal . The seal resistance is usually defined as the resistance between the cell and the surrounding solution (ground).
In our measurement setup we use a trans-impedance amplifier, whose output voltage is given by
where R F is the feedback resistance and i S (t) the current flowing through the measuring electrode impedance. It is important to understand how this current is related with v S (t), the voltage signal generated by the cell. Fig. 3 shows the circuit used to derive the relation between v S (t) and i S (t) which is a simplified version of the circuit in Fig. 2 . As discussed above we assume that Z Seal is high and the cell generated current signal i CS (t) is effectively coupled into the measuring electrode (i CS ≈ i S ). First we express i S (t) in function of v C (t), the voltage across the double-layer capacitor, The (−) input of the amplifier is a virtual ground and therefore,
This equation can be rearranged as:
Considering a particular solution of Eq. (4), when v S (t) is a voltage ramp rising at constant rate m i.e. m = dv S (t) / dt, then the solution of Eq. (4) yields:
where
and
τ is the time constant for the device to be charged or discharged. The electrical current, i S (t), through the circuit can now be readily calculated by replacing Eq. (5) into Eq. (2) as: Since R D ≫R C , the time constant for the device is τ ≅R C C D . In this limit the current is given by
i S (t) signal is the sum of two independent terms, a component proportional to v S (t)=mt and a transient term with a peak amplitude proportional to the product mC D that decays with a time constant τ ≅R C C D.
Hence, C D acts as a multiplying factor for the current. Basically, a rapidly varying voltage signal (with a large m) produces a large transient displacement current across the capacitor. Under these conditions, the measured current signal shape is also proportional to m, the derivative of the original signal v s (t).
Noise evaluation
The electrodes contribution to the noise depends on the noise generated by the electrodes and how this noise is coupled to the front-end amplifier.
In order to understand how the electrodes contribute to noise we first evaluate the electrode impedance (capacitance and resistance) and their frequency dependence. From the equivalent circuit shown in Fig. 2 , without cells, when we look across the two electrodes the high impedance double-layers appear effectively in series with the low impedance electrolyte layer described by the resistance R S and the capacitance C S .
The series of the two RC networks will have an overall equivalent resistance (R P ) and capacitance (C P ) that are measured externally using an impedance analyser. The circuit is schematically represented in the inset of Fig. 4 .
The equivalent admittance Y T of the series-parallel network is given by
Where R P and C P are the total parallel resistance and capacitance, respectively, given by
Fig . 4 shows that R P as function of the frequency. The inset of Fig. 4 shows also the capacitance (C P ) and the Loss (1/(ωR P ) curves fitted to the response predicted by the equivalent circuit. Fitting parameters are presented in Fig. 4 caption. The impedance of this twolayer system has a relaxation near 3 kHz know as Maxwell-Wagner relaxation [28] .
The noise contributed of the electrode is generated only by the resistive part of the network (R P ). Therefore the noise generated by the electrode is strongly frequency dependent.
The power spectral density (PSD) of the noise current, S P (ω) generated by the admittance Y P is given by [29] .
Where k the Boltzmann constant and T the absolute temperature. Form Eq. (13) and it is clear that the higher the resistance R P smaller is the thermal noise in current. From the frequency dependence of the R P shown in Fig. 4 , we can predict that the electrode current noise contribution will be minimized at low frequencies.
In the following section we focus on computing the added noise from the electrodes and amplifier front-end. This is important to understand the electrode design requirements and amplifier front-end design that minimize the noise.
Current amplification
The noise model for the current measurement with resistive feedback trans-impedance receiver is presented in Fig. 5 , where R F is the feedback resistance. Y P corresponds to the parallel of R P and C P , which is the total equivalent admittance of the electrodes and electrolyte.
The noise sources considered are the thermal current noise, generated by the amplifier feedback resistor R F and by R P , and the noise, generated by the amplifier. The noise generated by the amplifier is considered referred to the input and is taken into account by the equivalent noise input voltage source, v A, with power spectral density (PSD) S V A (ω),and the equivalent noise input current source, i A , with PSD S I A (ω). In the analysis, all the noise sources are considered to be statistically independent.
The electrodes not only generate noise, but also shape the noise PSD. In order to show how this is done the total noise current PSD referred to Fig. 4 . Frequency dependence of the resistance (R P ) for electrodes immersed in a cell culture medium. The inset shows the equivalent circuit used to fit the capacitance (C P ) and Loss (1/(ωR P ) curves and the fitting to the experimental curves. The system has relaxation at 3 kHz. Fitting parameters are R D = 1.4 MΩ, C D = 55 nF, R S = 1.13 kΩ, C S = 0.36 nF. The electrode dimensions and geometry are the type C as described on Table 1 . Fig. 5 . Noise equivalent circuit of measurement set-up including the trans-impedance amplifier. i A is the equivalent input amplifier current noise, v A is the equivalent input amplifier voltage noise whereas i F and i P , correspond to the thermal noise generated by R F and R P respectively. the input of the amplifier [29] should be calculated. The PSD of the current equivalent to v A, S ieV A (ω), referred to the input is;
Therefore the total input noise current PSD, referred to the input of the amplifier can be expressed as:
For a state of art amplifier with low current and voltage input noises the dominant noise source is the thermal noise, which is inversely proportional to R P . According to Fig. 6 , the thermal noise generated by R P is low at low frequencies and increases for high frequencies. The input referred amplifier noise reflected in the admittance of the equivalent electrodes circuit is only relevant for amplifiers with high input voltage noise.
The low noise behaviour at low frequencies in current amplification contrasts with traditional voltage measurements where noise dominates at low frequencies [27, 30, 31] . For a voltage amplifier the noise voltage PSD referred to the input is
The electrode contributes to the noise by adding thermal noise proportional to R P and by shaping and multiplying by a factor of R P 2 at low frequencies the amplifier current noise. Therefore the amplifier current noise term is the dominant noise term at low frequencies when R P is high. In order to reduce the electrode noise, when using voltage amplifiers the electrode impedance needs to be small. These considerations are illustrated in Fig. 6 , where the current and voltage PSDs are calculated for the electrode parameters of Fig. 4 with an amplifier with input noise voltage of 5 nV= ffiffiffiffiffi ffi Hz p and input noise current of 50 fA/√Hz. These are typical values of state-of-art low noise amplifiers [32] . Under these conditions, thermal noise is the dominant noise source. At this point we are able to identify some basic design rules for the electrodes. The double-layer capacitance plays a twofold role; (i) it boosts the signal in current and (ii) it limits the available signal bandwidth (BW) according to 1 
It is interesting to note that the signal bandwidth does not depend on the double-layer resistance R D .
In summary, to record slow extracellular signals it can be advantageous to use current amplification. Ideal electrodes should have a high capacitance and a high resistance. The maximum value of the capacitance is limited by the signal bandwidth and the minimum value of the resistance by the amplifier noise. Strategies to fabricate these ideal electrodes are not straightforward. Methods to increase capacitance also cause a decrease in resistance. This trade-off between capacitance and resistance limits the performance that can be reached for a particular electrode. However, the electrode impedance is essentially determined by the composition and ion distribution within the doublelayer. Finding the right combination of electrode and electrolyte solution may be an interesting approach to optimize the electrode impedance for measurements using current amplification.
Results and discussion
Extra-cellular signals from zebrafish heart
In this section cardiac signals recorded from a zebrafish heart are used to verify the concepts discussed above. The heart was placed on top of a gold electrode, the other being used as a counter-electrode. Signals were measured both as voltage and as current signals. Both signals were recorded in the same heart/electrode system but separated by a time interval of a few minutes (the time required to change the recording amplifier). Fig. 7 compares a typical voltage signal with a current signal. As predicted by Eq. (9), the current signal is the derivative of the voltage. Additionally, the current signal exhibits higher SNR than the voltage signal. Fig. 8 compares the power spectral density (PSD) of the signals in current with the corresponding curve without the heart (bare electrode). To represent the signals in the frequency domain, a time trace Voltage and current signal measured using the same heart/electrode system. The signals were recorded from a zebrafish heart attached to the top of a gold electrode on a glass substrate. In the current signal the high frequency fluctuations are smeared out by the bandwidth limitations imposed by the high gain of the transimpedance amplifier (20 nA/V). The electrode system used is of type C as described on Table 1. of 16 s corresponding to a bandwidth of 100 Hz was used. A small part of a typical time trace is shown in the inset of Fig. 8 . The PSD curve clearly shows a line at 2.01 Hz which corresponds to the beating frequency of the Zebra fish heart. The line at 2.01 Hz is sharp and well above the background noise. Using current amplification a SNR = 12 is obtained. This is higher than the SNR = 5 obtained using voltage amplification. These SNRs were estimated using a single time trace of 64 s. The PSD curve for the signal in current shows also a series of other sharp lines that correspond to the harmonics of the fundamental frequency.
In summary, recording signals in current amplification at low frequencies can provide better SNR than using voltage amplification. This method may be an interesting approach in bioelectronic systems were spatial resolution is not a requirement and large area electrodes with a large capacitance can be used. This strategy can increase the SNR and can be used to explore ultra-weak signals in cell cultures.
Detection of low-frequency extracellular cooperative cell signals
In order to take advantage of the displacement current method large area electrodes are required; therefore, the method measures ensembles of cells. If the cells exhibit uncoordinated electrical activity, the measured signal is the ensemble of all the individual cell signals and the overall signal will appear like noise. However, if the cells engage into coordinated synchronized activity, the measured signal can be well above the background noise and proportional to the number of the synchronized cells.
In biology there are a number of interesting cooperative cell behaviours. The cardiac beating is the most well know. These are Ca 2+ concentration elevations that propagate through a population of cells. They are named intercellular calcium waves (ICWs) [33] [34] [35] [36] [37] . These spatiotemporal events are important in both normal physiology and pathophysiological processes in a variety of organs and tissues including the brain, heart, liver, retina, cochlea, and vascular tissue. The speed and size of ICWs depend on the nature and strength of the initiating stimulus as well as on the mechanism of propagation. ICWs often propagate for periods of up to tens of seconds with speeds of 10-100 μm/s [33, 36, 38] . The existence of such long range spatial and temporal signaling is one of the most significant findings of the last decade in the field of intracellular signaling, particularly, the synchronized activity of glioma cells. Glioma cells are neuronal tumor cells reported to neuron like activity [39, 40] as well as low frequency synchronized activity. Several studies using digital fluorescence video microscopy have reported random spikes of spontaneous oscillations as well as synchronized operation with frequencies below 1 Hz [33, 41] . Therefore, we choose these cells as a testing model to evaluate further our detection method. Fig. 9 shows a time trace of spontaneous quasi-periodic signals recorded in a monolayer population of C6 glioma cells covering the entire device surface including both gold electrodes. The inset of Fig. 9 shows an expanded view of several discrete signals. The spikes are quasi-periodic with an average inter-spike interval of 0.7 s. Initially, the spikes are of small intensity 1-2 pA and are hardly noticed above the background noise level (1 pA). After some time (35 min) the spike amplitude rises reaching 70 pA. The rise in signal amplitude with time is consistent with a cooperative phenomenon. The larger the number of cells getting synchronized, the larger the amplitude of the signal measured. Signals with the highest amplitude exhibit a SNR ratio of 35.
The shape of the current signal fits well within the framework of an extracellular traveling wave. When the wave reaches the sensing electrode it raises its potential relative to the counter electrode. This potential remains high during the time the wave travels across the width (D) of the electrode. This time defines the length of the voltage signal. The signal when measured in voltage has a square like shape. A typical voltage signal is show in Fig. 10 , together with a current signal.
As explained above, at the rising and falling edges of the voltage signal the time derivative, dv (t)/dt, forces a large displacement current through the double-layer capacitance giving rise to upward and downward current spikes corresponding respectively to the rising and falling edge of the voltage signal. As a consequence the SNR in current tends to better in current mode than in voltage mode. Fig. 10 illustrates this behaviour.
As expected the time length of the voltage pulse varies with the depth (D) of the electrode. For a narrow electrode with D = 15 μm, the distance between up and downward current spike is 0.2 s as shown in the inset of Fig. 9 . When an electrode with D = 100 μm is used (Fig. 10) this time length increases to approximately 1 s. These values gave a wave speed between 75 and 100 μm/s respectively, in close agreement with values reported in the literature [33, 36] .
Conclusions
In this work extracellular signals were measured using current amplification. Measurements of the displacement current benefits from the high double-layer capacitance established at the electrode/cell Table 1 ). culture medium interface. When coupled to this capacitance, the voltage fluctuations generated by cells induce a large displacement current that can easily be amplified by the capacitance of the double layer. Applying this method to zebrafish hearts we have demonstrated the relation between voltage and current signals. Furthermore, we show that measurements in current have a high SNR often better than voltage amplification.
The method requires electrodes with a high capacitance to provide signal enhancement and a high resistance to minimize the thermal noise at low frequencies. The large capacitance requires large area electrodes; therefore, spatial resolution is not accessible. Because of this limitation, we propose that this method is suitable to address ensembles of cells that engage into cooperative activity or generate collective events. Measurements carried out in glioma cells cultures and presented here fit perfectly within the framework of traveling waves resulting from cell-synchronized activity.
The analysis presented here also provides guidelines for the design of electrodes for detecting weak signals with the highest SNR. The basic rules are as follows:
(i) The double-layer capacitance must be maximized. A rapidly varying signal causes, a high peak displacement current through the capacitor. The high capacitance does not impose bandwidth limitations because the contact resistance (R C ) that defines the circuit time constant (τ = R C C D ) is small. (ii) Ideally, the noise of the measuring system should be determined by the performance of the trans-impedance amplifier. The user defines this noise floor when selects the amplifier settings (gain and bandwidth) required for a particular experiment. The double-layer resistance is the element that generates thermal noise. The ideal maximum value is the one that generates less noise than the amplifier. (iii) There is a trade-off between capacitance and resistance. The electrode area should be increase up to a point when the corresponding decreasing in resistance starts to add thermal noise and counterbalance the benefits of a high capacitance.
In conclusion, we have demonstrated a methodology for recording low-frequency extracellular signals. We suggest that this strategy is important for addressing collective or synchronized signals in cell populations. The data was recorded using gold electrodes with a width of 100 μm. The electrodes are of type B as described on Table 1 .
